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Miniaturization in biological analyses has several advantages, such as sample

volume reduction and fast response time. The integration of miniaturized biosensors

within lab-on-a-chip setups under flow conditions is highly desirable, not only

because it simplifies process handling but also because measurements become more

robust and operator-independent. In this work, we study the integration of flow am-

perometric biosensors within a microfluidic platform when analyte concentration is

indirectly measured. As a case study, we used a platinum miniaturized glucose bio-

sensor, where glucose is enzymatically converted to H2O2 that is oxidized at the

electrode. The experimental results produced are strongly coupled to a theoretical

analysis of fluid dynamic conditions affecting the electrochemical response of the

sensor. We verified that the choice of the inlet flow rate is a critical parameter in

flow biosensors, because it affects both glucose and H2O2 transport, to and from the

electrode. We identify optimal flow rate conditions for accurate sensing at high time

resolution. A dimensionless theoretical analysis allows the extension of the results to

other sensing systems according to fluid dynamic similarity principles. Furthermore,

we developed a microfluidic design that connects a sampling unit to the biosensor, in

order to decouple the sampling flow rate from that of the actual measurement.
VC 2012 American Institute of Physics. [http://dx.doi.org/10.1063/1.4705368]

I. INTRODUCTION

Miniaturization in biological analyses has several advantages, the most relevant being sample

volume reduction, low cost, and relatively fast response time.1 Furthermore, down-scaling the av-

erage dimension of the biosensing device permits to enhance measurement sensitivity exploiting

different physical scaling laws.2 Integrating the analysis step in lab-on-a-chip applications for in-

flow process monitoring is highly desirable, not only because it simplifies the handling of the pro-

cess but also because measurements become more robust and operator-independent.

Online measurements can be advantageously coupled with both in vitro experiments and ex
vivo. Glucose sensors have been implanted in living tissues, but their use is still limited because

of the deterioration of sensor performance and inflammatory response.3 Therefore, non-invasive

glucose monitoring seems the most viable alternative in this field and recent commercial prod-

ucts have been produced for performing both extraction and sensing functions,4 or for coupling

with microdialysis.5,6 Also chemiluminescence metabolite sensors have been integrated into

microfluidic platforms,7 as well as systems based on optical absorbance measurement.8

In this frame, electrochemical biosensors represent an interesting approach offering the pos-

sibility to combine the analytical capability of electrochemical techniques with the specificity
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of biological recognition processes. The selectivity of these devices can be designed immobiliz-

ing a specific biologically active compound such as a cell receptor, an antibody or an enzyme,

at the surface of an electrode where it converts the effects of the biological process into a quan-

titative electric response.9,10

For online monitoring miniaturized amperometric biosensors are increasingly used.11,12 Eval-

uating their performance when used under flow-through conditions requires an analysis of the

effect of working conditions such as flow rate, minimum sample volume, sensitivity, limit of

detection, and time resolution of the measurement. In fact, in non-flow conditions, once the bio-

sensing device has been set up, the measurement output is completely defined by the intrinsic

physical properties of the species involved, such as enzyme kinetics and diffusion coefficients.

On the contrary, in flow-through biosensors, fluid dynamic conditions, depending on the inlet

flow rate, affect the measurement output. Different regimes can occur due to the relative charac-

teristic times of the physical phenomena overlapping. A comprehensive study on this topic was

pursued by Squires et al. for flow-through biosensors that measure the analyte directly.13,14 How-

ever, several biologically interesting compounds, such as glucose, lactate, acetylcholine, and glu-

tamate, are measured by amperometric biosensors with higher accuracy indirectly.15 In this case,

the analyte is converted by specific enzymes into electrochemically detectable components that

act as mediators for the measurement.16 Throughout this work, indirect detection refers to the

condition where the actual compound producing the electric signal during the measurement of

the analyte is the mediator.

The influence of the flow in indirect measurements has been addressed both in sensor and

biosensor electrodes.17–21 Interestingly, few papers report that increasing the flow rate in indi-

rect enzymatic biosensors the amperometric current decreases.18,21,22 However, a clear phenom-

enological explanation have not been properly addressed yet. In this perspective, a rational

understanding and the availability of tools that allow to select and realize optimal flow condi-

tions for accurate sensing at high time resolution is of paramount importance for a flexible and

cost effective approach in improving the performance of these devices.

In this work, we investigate how the electrochemical measurement of an analyte involving

the detection of a mediator is affected by flow conditions in a miniaturized biosensor. As for the

experimental results, we focus on a glucose biosensor where glucose is amperometrically detected

after its enzymatic conversion to H2O2 by glucose oxidase (GOx), according to the following

reactions:

glucoseþ O2 �!
GOx

gluconic acid þ H2O2; (1)

H2O2 �!
electrode

O2 þ 2Hþ þ 2e�: (2)

In this system, the current variation is affected by glucose and peroxide mass transport within

the microfluidic channel. The experimental setup serves as a case study within a more general

investigation of the behavior of indirect analyte detection. A model-based theoretical analysis

allows a generalization of the results and represents a tool for design and optimization of flow-

through biosensing devices. Moreover, biosensor performance can be improved by decoupling

sampling and analysis systems whenever a different flow rate is required for optimal sampling

and analysis process. Although there are few papers discussing indirect flow biosensing using a

decoupled experimental configuration,23–26 we propose an improved design of a flow sampling

and biosensing unit easy to incorporate in lab-on-a-chip applications.

II. METHODS

A. Device description

The biosensor used in this work was produced modifying a previously described proce-

dure27 and is shown in Fig. 1. As highlighted in the schematic view in Fig. 1(a), the fluid sam-

ple enters in the system and passes the reference (R), counter (C), and working (W) electrodes.
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The distance between reference and working electrodes is sufficiently small not to affect the

measurement, as we tested interchanging electrode positions. The enlargement of the channel

section at the electrodes guarantees complete wetting of the sensing tip in case of bubble for-

mation at the walls. The 1-mm long electrode tip, made of Pt/Ir 90/10% and with a diameter of

125 lm, is coated with a porous polymeric layer (polyethylenimine and polyurethane) absorbed

with the enzyme glucose oxidase (GOx) from Aspergillus Niger. This GOx-integrated layer was

estimated by scanning electron microscopy to be approximately 8 lm thick (Fig. 1(b)). The sta-

bility of GOx in this structure was extensively studied by our group28,29 and others.30 Glucose

is enzymatically converted into H2O2 in the porous layer, and the electrochemical oxidation of

H2O2 at the electrode produces the amperometric current measured. The polymeric layer did

not show observable damage due to the production of oxygen and H2O2 for the whole duration

of the experiments. The biosensor was calibrated under static conditions (Fig. S1 of the supple-

mentary material31) and then used for flow-through measurements.

B. Microfabrication

1. Microfluidic sensing

A single-layer channel (300 lm), containing the biosensors lateral inlets (400 lm), was made

using soft lithographic techniques32,33 (Fig. 1(a)). The silicon substrate was coated with SU8-

2100 (MicroChem Corp., MA,USA) to obtain a thickness of 250 lm. Then, soft bake, exposure,

and post-exposure bake followed the coating. The development was achieved in methoxymetacri-

late (Sigma-Aldrich, Italy) and further rising with Isopropanol. Polydimethylsiloxane (PDMS,

FIG. 1. Microfluidic biosensor. (a) Lateral and top views of the main channel. Working (red), reference (green), and coun-

ter (black) electrodes. Enlargements of the transversal and longitudinal sections of the working electrode tip and of the

insulated part, not on scale. (b) Scanning electron micrograph of the transversal section of the electrode tip: a GOx polyur-

ethane integrated layer, whose thickness is indicated by the dotted line, coats a Pt/Ir wire. (c) Picture of the microfluidic

system schematically described in (a) with pink medium flowing.
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Dow Corning, USA) was used for molding in the ratio 10:1 (base:cure agent) and baked at 353 K

for 2 hours.

The cured PDMS chip was bounded to a borosilicate glass (Vetrotecnica Italy) by plasma

treatment (70 W, 30 s). After the wires insertion, the lateral inlets were sealed using UV glue

(DYMAX Corp., USA) that was polymerized in situ using a UV lamp for 5 s (DYMAX 3067,

USA). A syringe pump (PHD 22/2000 HPSI, Harvard Apparatus, USA) connected to the chip

via 0.02 in. inner diameter Tygon tubing, allowed to change the flow rate. Syringes of 3 - and

5-ml volume (Becton Dickinson, USA) were used to obtain the desired fluid flow.

2. Microfluidic sampling and sensing

To create the loop system, containing flow and control channels,34,35 two molds were pre-

pared. 36 lm of SPR 220-7 (Dow Corning) were spun on a vapor-treated silicon wafer HDMS

(Sigma Aldrich). After bake at 363 K for 90 min and rehydration for 3 h, each mold was exposed

at 200 mJ/cm2 (k¼ 365 nm, OAI 150, USA). 400 lm-wide flow layer channels were obtained by

development in agitated MF319 (Dow Corning) and further rinsing with D-water. A hard baking

up to 463 K with 10 K/h ramp was done to reflow the polymer and obtain round channels. For

the control layer, SU8-2100 (Microchem Corporation) was used to make square channels of

100 lm height and 300 lm width. PDMS (10:1 base:cure agent) was spun on the flow mold at

1000 rpm for 90 s to obtain a thin membrane of 80 lm in total. The control mold was covered

instead with a thick layer of PDMS and both layers were then baked at 353 K for 30 min. A fur-

ther very thin layer of cure agent was painted on the flow mold, and the control chip was then

aligned on it. A further baking for 2 h produces irreversible bonding between the two layers. The

final chip was bonded via plasma treatment to a borosilicate glass. The valves were activated

pressurizing the control channels.

C. Potentiostatic measurements

Potentiostatic amperometric measurements were performed using a potentiostat/galvanostat

(AUTOLAB, PGSTAT 128 N EcoChemie, The Netherlands) controlled by NOVA 1.6 Software.

The biosensor was used as the working electrode, a Pt wire as the counter electrode and Ag/

AgCl as the pseudo-reference (Fig. 1(a)). The working electrode was biased 0.7 V versus the

pseudo-reference electrode. Static measurements were performed for calibration in usual elec-

trochemical commercial cells, outside the microfluidic chip. Static calibration was used as a

performance check on the sensor before integration in the microfluidic channel. Solutions used

were PBS 1X (Vetrotecnica, Italy), 1 mM Dulbecco’s Modified Eagle Medium High Glucose

(DMEM High Glucose, 4.5 mg/l D-Glucose, Invitrogen, Italy), 5 mM Dulbecco’s Modified

Eagle Medium Glucose free (DMEM Glucose Free, Invitrogen, Italy), and H2O2 solutions pre-

pared by diluting 80% H2O2 (Sigma-Aldrich, Italy) with milliQ water (Millipore, Italy). All so-

lution used were sterile.

D. Mathematical model

1. Numerical mathematical model

A mathematical model of the steady-state flow biosensing device was developed. The system

geometry includes: a microfluidic channel, a cylindrical electrode inserted across the channel, and

a porous layer coating the electrode and containing GOx. The 2-dimensional model represents a

longitudinal section of the device described. Modeling was carried out breaking the system down

into two sub-domains: the microfluidic channel and the porous layer coating the electrode. As for

the microfluidic channel, both convective and diffusive transport are described. While in the po-

rous layer coating the electrode, glucose conversion by a homogeneously distributed enzyme is

modeled together with diffusion. The velocity field in the microfluidic channel was obtained solv-

ing the continuity equation and the equation of motion for an incompressible Newtonian fluid.

The concentration fields of H2O2 and glucose were obtained in the microfluidic channel and in

the porous layer, solving the respective equations of continuity. The effective diffusivities in the
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porous layer were obtained multiplying their bulk values, Dglucose;bulk and DH2O2;bulk, by a factor,

�, accounting for both the porosity and tortuosity of the material. The rate of glucose conversion,

catalyzed by GOx in the porous layer, was assumed linear with kinetic parameter kGOx, a good

approximation in the glucose concentration range simulated.

The electric current, I, produced at the electrode, is given by

I ¼ 2 � F �
ð

Sel

FH2O2;eldSel; (3)

where the factor 2 represents the number of electrons involved in the charge transfer at the

electrode surface according to Eq. (2), F is Faraday’s constant, FH2O2;el is H2O2 molar flux at

the electrode, and Sel is the geometrical electrode surface. In the simulations where a flow con-

taining only H2O2 enters the system, the actual current value was obtained multiplying I by a

corrective factor, k. This correction accounts for the observed reduction of current in these con-

ditions, probably due to a net production of O2 polarizing the electrode. The model was numeri-

cally solved by COMSOL MULTIPHYSICS (COMSOL, Inc, Stockholm, Sweden) using the parameter

values summarized in Table I. In particular, model parameters �, kGOx, and k were determined

by fitting the experimental data. Details on the numerical model are reported in the supplemen-

tary material.31

2. Analytical mathematical model

The model equations for glucose and H2O2 in the porous layer coating the electrode were

also solved analytically under steady-state conditions for a simplified geometry, i.e., a flat elec-

trode with the same surface area of the electrode considered in the numerical model. Details of

analytical model development are reported in the supplementary material.31 The fluxes of glu-

cose and H2O2 across the surface of the porous layer, Fglucose;b=l and FH2O2;b=l, are related to the

Reynolds number, Re, at the entrance of the convective system by

Fglucose;b=l ¼
Dglucose;bulk � ðcglucose;in � cglucose;b=lÞ

H
� a � Reb; (4)

and

FH2O2;b=l ¼
DH2O2;bulk � ðcH2O2;in � cH2O2;b=lÞ

H
� a � Reb; (5)

TABLE I. Values of the parameter used in the solution of the mathematical model.

Parameter Value Ref.

L (m) 0.705 � 10�3 —

H (m) 0.282 � 10�3 —

W (m) 2 � 10�3 —

Di (m) 0.125 � 10�3 —

Ltip (m) 1 � 10�3 —

d (m) 8 � 10�6 —

l (Pa � s) 7.16 � 10�4 36

q (kg/m3) 993.45 36

Dglucose;bulk (m2/s) 6 � 10�10 37

DH2O2 ;bulk (m2/s) 1.83 � 10�9 38

� 0.145 Estimated

kGOx (1/s) 0.015 Estimated

k 0.02 Estimated
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where cglucose;in and cH2O2;in are glucose and H2O2 concentrations at the entrance of the convec-

tive system, cglucose;b=l and cH2O2;b=l at the surface of the porous layer, H is the convective sys-

tem characteristic length (the channel height in the numerical model), a and b are constants,

whose values are determined according to fluid dynamic similarity principles, as explained in

the supplementary material.31

III. RESULTS AND DISCUSSION

A. Effect of fluid flow

Extending the use of an electrochemical biosensor with indirect detection to flow working

conditions, requires the definition of an optimal flow rate. We analyzed the mass transport

mechanisms occurring, both experimentally and theoretically.

In order to evaluate how fluid dynamic affects the biosensor behavior, a set of experiments

was carried out feeding a solution containing H2O2. In this way, it is possible to highlight the

effect of the flow rate on the direct electrochemical measurement of the solute, without the over-

lapping kinetics of the intermediate production. Results highlight that at low flow rates the overall

process is limited by mass transport through the stagnant layer in the liquid domain surrounding

FIG. 2. Effect of flow rate on (a) hydrogen peroxide and (b) glucose in-flow detection at different concentrations. The cur-

rent collected at the electrode is plotted as a function of the flow rate. Inset graphs show the current normalized by its value

at the minimum flow rate used in the experiments (1 ll/min), I _Vmin
.
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the porous coating. The current increases at increasing flow rates because this diffusive stagnant

layer gets thinner (Fig. 2(a)). Then, current tends to a plateau at very high flow rates, when the

external mass transport becomes faster and the overall mass transport is only limited by diffusion

of species in the porous coating. However, the current variation detected is only approximately

10%, even for large differences in the flow rate, from 10 ll/min to 400 ll/min (Fig. 2(a), inset).

This behavior is barely affected by concentration, as verified with a change of one order of mag-

nitude, from 10 to 100 mM (Fig. 2(a), inset).

Then, we studied the effect of the flow rate for biologically relevant working conditions of

the biosensor, i.e., with a glucose solution in the concentration range 1–5 mM, entering the sys-

tem with flow rates of 1–50 ll/min. In this case, the current detected decreases at increasing

flow rates (Fig. 2(b)), for both glucose concentrations used (1 and 5 mM) confirming literature

data.39 In particular, it decreases of about 60% in the flow rate range tested, while the concen-

tration negligibly affects this behavior (Fig. 2(b), inset).

These observations show how using an electrochemical biosensor with enzyme-mediated

detection under flow conditions requires a careful understanding of the phenomena that come

into play, posing the flow rate as a key variable to analyze. These experimental observations

for glucose amperometric detection are fully consistent with those reported in literature,18,21,22

whereas H2O2 analyses allow the dissection of the contribution of flow rate influence on sub-

strate and mediator detection.

B. Efficiency and time of response of the biosensor

For practical purposes, the effective efficiency, geff , for an indirect electrochemical biosen-

sor, can be defined by the following expression:

geff ¼
Iglucose

IH2O2

; (6)

where Iglucose and IH2O2
stand for the current produced when a glucose or a stoichiometric H2O2

solution enters the system, respectively. IH2O2
represents the maximum amount of H2O2 detecta-

ble at the electrode if all glucose flowing through the system were converted. Fig. 3(a) shows

how the efficiency, calculated according to Eq. (6), decreases as a function of the flow rate.

Furthermore, flow rate also affects the biosensor time of response, which is the time needed

to detect a stable current for constant inlet conditions (Fig. S3 of the supplementary material31).

The time of response is an important variable for biosensor use because it determines the maxi-

mum temporal resolution, i.e., the smallest increment of time between two successive measure-

ments. Fig. 3(b) shows that the time of response is a decreasing function of the flow rate. Thus,

in order to have a high-performance online, biosensor an optimal flow rate is required as a

trade-off between high efficiency and high time resolution.

C. Numerical simulations

Experimental data suggest a flow rate-dependent leak of H2O2, not oxidizing at the elec-

trode and decreasing the measurement efficiency. We further investigated the physical phenom-

ena occurring within the biosensor by means of a mathematical model. The geometry of the

system simulated closely reproduces the experimental setup and is described in Fig. 4(a). Con-

vective flow occurs in bulk medium along the x-direction, while a cylindrical electrode tip is

placed across the flow along the z-direction. Glucose is converted into H2O2 in the porous layer

coating the electrode. Both species move within this layer exclusively by diffusion according to

a concentration gradient. Part of the H2O2 produced reaches the electrode where it is immedi-

ately oxidized, while part of it leaves the porous layer at the external surface and is washed out

by the convective flow.

Figs. 4(b) and 4(c) illustrate H2O2 concentration profiles obtained by the model at two flow

rates, 1 and 50 ll/min, respectively. At low flow rates, a concentration gradient develops
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throughout the channel section (Fig. 4(b)), while at high flow rates, H2O2 is rapidly washed-out

and its bulk concentration is about null at short distance outside the porous layer (Fig. 4(c)).

The results from the numerical model simulations confirm the experimental data presented in

Fig. 3(a), and, specifically, show a decreasing efficiency at higher flow rates (Fig. 4(f)). We further

investigate this aspect in Fig. 4(g), after calculating two non-dimensional quantities: Ratioglucose

and RatioH2O2
. Ratioglucose is defined as the ratio of the total glucose consumed per unit time to the

glucose molar flow rate entering the system, according to the following expression:

Ratioglucose ¼
Nglucose;rx

Nglucose;in
(7)

and RatioH2O2
are given by the ratio of the H2O2 molar flow rate leaving the porous layer

towards the bulk to the total H2O2 produced per unit time in the layer, that is

RatioH2O2
¼ NH2O2;out

NH2O2;rx
: (8)

FIG. 3. Effect of flow rate on measurement efficiency and response time of the biosensor. (a) The currents Iglucose and IH2O2

detected when measuring samples with concentrations of 1 mM glucose and 1 mM H2O2, respectively, are plotted as a

function of the flow rate. They are used to calculate the efficiency, geff , defined as the ratio of Iglucose to IH2O2
, also shown.

(b) Biosensor response time (Fig. S3 of supplementary material31) as a function of flow rate for two different inlet

concentrations.
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FIG. 4. Results obtained from the simulations of the numerical model. (a) Schematic representation of the model geometry.

System size, coordinate system, and molar flow rates of glucose and H2O2 are also indicated. (b) and (c) Concentration pro-

file of H2O2 in the channel and in the porous layer coating the electrode surface when a 1-mM solution of glucose is fed to

the system at two flow rates: 1 ll/min (b) and 50 ll/min (c). Red arrows represent the velocity field. (d) and (e) Concentra-

tion profiles of H2O2 and glucose along the r-axis indicated in (b), obtained under the same conditions of (b) and (c). The

black dashed line indicates the edge of the porous layer coating the electrode. (f) Comparison of the electric current dis-

charged at the electrode as a function of the flow rate obtained experimentally and by the numerical and analytical models.

Red lines refer to an inlet of 1-mM glucose solution, blue lines to a 1-mM H2O2 solution. Efficiency, geff , given by the ratio

of the two currents, is displayed in black. The comparison is qualitative because geometries are not identical in the three

cases, as discussed in the main text. (g) RatioH2O2
and Ratioglucose, defined in Eqs. (7) and (8), are shown as a function of

the flow rate.
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The flow rates in Eqs. (7) and (8) are defined in Fig. 4(a). Ratioglucose decreases at increasing

volumetric flow rates, because a larger amount of glucose flows through the system without

having time to diffuse in the porous layer (Fig. 4(g)). On the contrary, RatioH2O2
increases at

higher flow rates (Fig. 4(g)), that is, a larger amount of H2O2 is washed-out from the porous

layer without oxidizing at the electrode, what explains the decrease of measurement

efficiency.

The numerical model is also able to give H2O2 and glucose concentration profiles in the

channel along the r-coordinate highlighted in Fig. 4(b). H2O2 concentration shows a peak inside

the porous layer coating the electrode (Fig. 4(d)), whose position depends on the relative impor-

tance of the two molar flow rates, NH2O2;b=l and NH2O2;el, defined in Fig. 4(a). On the contrary,

glucose concentration along the same direction shows a monotonic profile, as all glucose enter-

ing the layer is converted to H2O2 (Fig. 4(e)). The GOx-catalyzed reaction occurs throughout

the whole thickness of the porous layer in our system, as demonstrated by the only slight

decrease of glucose concentration in the layer (Fig. 4(e)). This is confirmed by the high rate of

glucose diffusion in the layer compared to the reaction rate, about ten times larger.

Taken together both experimental and computational observations show that glucose effi-

ciency reduction at higher flow rates is related to the ratio between H2O2 wash-out and dis-

charge at the electrode. In order to extend this result to a wider class of biosensors, we derived

a simple analytical model as a function of dimensionless variables taking into account all the

transport phenomena involved.

D. Analytical results

We analytically solved the mathematical model in the porous layer for the simplified geom-

etry previously described, to obtain a rational insight into the experimental data. The resulting

efficiency, g, given by the ratio of the current produced feeding a glucose solution to that pro-

duced feeding a stoichiometric H2O2 solution, is analytically expressed as

g ¼ Dglucose;bulk

DH2O2;bulk
� 1� 1

cosh/þ Rg � /
a � Reb

� sinh/

2
64

3
75; (9)

FIG. 5. Dimensionless results of biosensor efficiency, g. Efficiency is plotted as a function of Reynolds number, according

to Eq. (9), within the range used in the experiments. Curves are parametric in Thiele’s modulus, in the range 610% of the

experimental Thiele’s modulus, shown by the thicker line.
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where Rg ¼ � � H=d is a dimensionless geometric ratio, / ¼ d
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
kGOx= � � Dglucose;bulk

� �q
is Thiele’s

modulus. All other variables are defined in Fig. 4(a) and Sec. II. g is a theoretical efficiency

and neglects the reduction of current occurring when feeding an H2O2 solution. Thus, it is

related to geff by the following expression: g ¼ geff � k. Expression (9) shows that, once defined

geometry and physical properties of the system, the efficiency only depends on Reynolds num-

ber, Re, which is proportional to the volumetric flow rate. For Re! 0, the efficiency g tends to

its maximum, equal to the ratio of the bulk diffusivities, Dglucose;bulk=DH2O2;bulk, always less than

one because of the relative size of the two species.

Keeping constant the diffusivity and the geometric ratios, we studied the dependence of the

efficiency from Re and Thiele’s modulus (Fig. 5). g is a decreasing function of Re, and this fur-

ther confirms the experimental trend. A comparison between experimental, numerical, and analyt-

ical results is presented in Fig. 4(f). The slight discrepancies are due to the increasingly simplified

geometry between the three systems. However, the shape of the profiles is confirmed in all cases.

Thiele’s modulus quantifies the ratio of the reaction rate to the diffusion rate in the porous layer.

When glucose conversion to H2O2 is fast in comparison with the mass transfer rate in the layer

(high /), efficiency increases, because glucose concentration gradient through the layer is larger

in these conditions, and consequently the diffusive flow of glucose into the layer is greater.

It is worth to highlight that Eq. (9) can be easily extended to different enzymatic biosensors

by changing the intrinsic properties of the substances involved. Although it is an approximated

solution of a more complex system, it can be used to properly analyse the effect of fluid dy-

namics on substrate detection assisting the identification of optimal operative conditions.

FIG. 6. Sampling and sensing units integration. (a) Schematic view of the entire system. Loop loading: open 1, 2, 3; close

4, 5. Sample analysis: open 1, 2, 3; close 4, 5. (b) Amperometric measurement for two loop volumes, Vl. Sample glucose

concentration is 2 mM and flow rate is 10 ll/min. (c) Amperometric measurement for a 28-nl loop at different glucose con-

centrations in the range 1-5 mM. Flow rate is 10 ll/min. The inset shows the dependence of the peak current, Ip, from glu-

cose concentration. Squares represent experimental data (error bars indicate standard deviations), and the dashed line the

linear fitting regression.
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E. Decoupling system

The previous analysis highlighted the importance to control the volumetric flow rate during

biosensor use. For this reason, we developed a new design for performing biosensing measure-

ments that decouples the flow rate used for the measurement from the sampling flow rate. The

new system includes a loop filled offline with the sample at an independent flow rate respect to

that in the main channel (Fig. 6(a)). The loop is connected to the main inlet through a valve

system and can be connected/disconnected (on/off) when requested (Fig. S4 of the supplemen-

tary material31). The advantage of this design is to fill the loop at high flow rates, when it is

switched off during sampling, and to have the sample entering near the working electrode at a

low independent flow rate when it is switched on. As an example, in this work, a sensing flow

rate of 10 ll/min was used to obtain a response time of less than 1 min (Fig. 3).

Instead of having a plateau in the current detected, a peak shape response is obtained

because of the finite volume of the loop (Figs. 6(b) and 6(c)). Larger loops produce higher

peaks of current, as shown in Fig. 6(b) for two different loop volumes (17 and 28 nl). Depend-

ing on the sample amount available and the temporal resolution required, the loop volume

should be chosen to increase biosensor sensitivity, which is 6.22 nA/mM for the 28-nl loop.

The peak maximum of the current curve is taken as the measurement value of glucose con-

centration. We verified that this measure is proportional to glucose concentration in the sample

for a fixed loop volume and thus represents a reliable measurement (Fig. 6(c)). The response

time at these conditions is about 100 s (Fig. 6(c)). The biosensor works under highly controlled

conditions, measurements are very repeatable, and the linearity of the response is independent

from the loop volume (Fig. S5 of the supplementary material31). The detection limit is

0.18 mM for the 28-nl loop, which is very low compared to other electrochemical biosensors in

the literature.40 Instead, electrochemical sensors for H2O2 detection, have a lower limit, in the

range 2–15 lM.41,42

IV. CONCLUSIONS

We have studied the effect of convective flow in the indirect amperometric detection of an ana-

lyte. The experimental results were obtained for the case study of a glucose miniaturized biosensor.

The proposed model-based theoretical analysis gives generality to these results. The outcome shows

that the fluid flow rate plays a significant role in the performance of the biosensor. In particular, for

high-time resolution and high-efficiency measurements, the choice of flow rate requires optimiza-

tion. The good quantitative agreement between experimental data and numerical predictions shows

that the mathematical model can be advantageously used to define the more suitable operating con-

ditions for online indirect detection. All together these results show that with flow conditions the

mediator wash-out can be a critical point in all electrochemical indirect measurements. We also

developed a lab-on-a-chip application for integrated sampling and biosensing that decouples the two

flow rates allowing their independent control. This offers a reliable and robust method of detection

that can be easily incorporated in biological experiments for online in-flow measurements.
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